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Empirical and theoretical investigations of the performance of a small-area, high-spatial-resolution,
active matrix flat-panel imager, operated under mammographic conditions, is reported. The imager
is based on an indirect detection array incorporating a continuous photodiode design, as opposed to
the discrete photodiode design employed in conventional flat-panel imagers. Continuous photo-
diodes offer the prospect of higher fill factors, particularly for arrays with pixel pitches below
100 m. The array has a pixel-to-pixel pitch of 75 m and a pixel format of 512512, resulting
in an active area of 3.83.8 cm2. The array was coupled to two commercially available, struc-
tured CsI:Tl scintillators of 150 m thickness: one optimized for high light output FOS-HL and
the other for high spatial resolution FOS-HR, resulting in a pair of imager configurations. Mea-
surements of sensitivity, modulation transfer function MTF, noise power spectra NPS, and
detective quantum efficiency DQE were performed with a 26 kVp mammography beam at expo-
sures ranging from 0.5 to 19 mR. MTF results from both CsI:Tl scintillators show that the
array demonstrates good spatial resolution, indicating effective isolation between adjacent pixels.
The effect of additive noise of the system on DQE was observed to be significantly higher for the
FOS-HR scintillator compared to the FOS-HL scintillator due to lower sensitivity of the former. For
the FOS-HL scintillator, DQE performance was generally high at high exposures, limited by the
x-ray quantum efficiency, Swank factor and the MTF of the scintillators. For both scintillators, the
DQE performance degrades at lower exposures due to the relatively large contribution of additive
noise. Theoretical calculations based on a cascaded systems model were found to be in general
agreement with the empirically determined NPS and DQE values. Finally, such calculations were
used to predict potential DQE performance for hypothetical 50 m pixel pitch imagers, employing
similar continuous photodiode design and realistic inputs derived from the empirical
measurements. © 2007 American Association of Physicists in Medicine.
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Following several decades of research and development,
digital mammography has become a reality with a variety of
commercial imaging systems being introduced as replace-
ments for screen-film systems. For example, one type of im-
ager employs a slot-scanning detection process in which the
x-ray image is acquired by means of a collimated, narrow
detector that is mechanically scanned in one direction. One
such imager uses four tiled charge coupled devices CCDs
and a CsI:Tl scintillator to convert x rays into optical
photons.1 Other examples are photon counting systems that
employ either a thick crystalline silicon detector2 or a gas
detector.3 Yet other systems employ area detection such as
complementary metal-oxide-semiconductor CMOS arrays4
and active matrix, flat-panel imagers AMFPIs.5–8 While
digital mammography systems generally offer imaging per-
formance comparable to screen-film systems,9 they also offer
a number of advantages including wide dynamic range, high
detection efficiency, contrast enhancement and, in some
cases, the possibility for advanced imaging techniques such
315 Med. Phys. 34 „1…, January 2007 0094-2405/2007/34„1as computer aided diagnosis,10,11 dual-energy imaging,12
tomosynthesis13 and computed tomography CT.14,15
An AMFPI system is based upon an array consisting of a
two-dimensional matrix of imaging pixels. Each pixel con-
tains a thin-film transistor TFT used to control the storage
and readout of the imaging signal. AMFPIs employ one of
two detection methods: “indirect” detection in which a scin-
tillating screen is used to convert incident x rays into light
photons which are subsequently converted into electrons by
photodiodes; and “direct” detection in which a photoconduc-
tive material is used to directly convert incident x rays into
electrons. For indirect detection, a system based on a
100 m pixel pitch, flat-panel array with discrete i.e., iso-
lated amorphous silicon a-Si:H photodiodes and a struc-
tured CsI:Tl scintillator, is commercially available. The per-
formance of this imager, in terms of the detective quantum
efficiency DQE, has been characterized for various mam-
mographic exposures.6 More recently, performance enhance-
ments achieved through improvements in the CsI:Tl con-
16
verter and additive noise have been reported. Additive
315…/315/13/$23.00 © 2007 Am. Assoc. Phys. Med.
316 El-Mohri et al.: Performance of a high fill factor AMFPI for mammography 316noise refers to the electronic noise of the imaging system
when it is operated in the absence of radiation. For direct
detection, large-area commercial systems employing a-Se
photoconductors at pixel pitches of 70 and 85 m have been
introduced.7,8 Results from these direct and indirect detection
flat-panel imagers indicate that, over the spatial frequency
range provided by the imagers, their DQE performance is
comparable or superior to that of mammographic screen-film
systems. At low exposures, however, DQE performance de-
grades as a result of the limited signal size compared to the
relatively large additive electronic noise contribution.17,18
The performance of mammographic digital imagers at
low exposures is gaining more importance with the advent of
novel imaging techniques such as tomosynthesis13 and com-
puted tomography14,15 which require multiple images per
exam to acquire volumetric information. The success of
these techniques is predicated upon the acquisition of a series
of high quality, low exposure images while maintaining an
overall patient dose equivalent to that for a single conven-
tional projection image. Since AMFPIs are based on full area
detection, they are well suited to such novel imaging tech-
niques. Therefore, research efforts are underway to improve
their performance at low exposures, not only for mammog-
raphy, but also for other applications such as fluoroscopy.19
In the case of mammography, the challenge is compounded
by the desire to achieve high spatial resolution to assist in the
visualization of microcalcifications, potentially requiring a
pixel pitch as low as 50 m. Achieving such a small pixel
pitch constitutes a challenge for present-day AMFPI technol-
ogy since large reductions in signal size and the correspond-
ing signal-to-noise-ratio are to be expected. For the indirect
detection approach involving discrete photodiodes, an addi-
tional challenge impeding the development of such high
resolution AMFPIs is the fact that the fraction of the pixel
that is optically sensitive, referred to as the fill factor, de-
creases dramatically for designs with pitches less than
100 m. The sole indirect detection mammographic AM-
FPI system currently available has a 100 m pixel pitch and
a reported fill factor of 75%.20 For the direct detection ap-
proach, no limitations on fill factor have thus far been ob-
served, as demonstrated by near-unity fill factor reported on
the commercial system employing an 85 m pitch array.8
For indirect detection using conventional design rules for
array fabrication, a fill factor of only 4% is to be expected
at 50 m pitch, as indicated in Fig. 1. These design rules
are based on the assumption that, in a pixel, the light sensing
element the photodiode, the switching element the thin-
film transistor and the address lines gate and data lines do
not overlap. Therefore, any reduction in pixel pitch is gener-
ally achieved by means of reducing the photodiode area.
Even with aggressive design rules such as those used to en-
hance the fill factor of recent prototype indirect detection
arrays,21 a fill factor of only 58% can be expected at
50 m pitch.22 To overcome this limitation, our group, in
collaboration with scientists at the Palo Alto Research Cen-
ter, has been exploring the development of novel, continuous
photodiode structures to supplant the discrete photodiode
Medical Physics, Vol. 34, No. 1, January 2007design.17,23,24 Using this approach, near-unity fill factors
have been achieved for sub-100 m pitches.23
In this paper, performance evaluations of signal, modula-
tion transfer function MTF, noise power spectra NPS and
detective quantum efficiency DQE from an indirect detec-
tion prototype imager employing a continuous photodiode
design are reported. These empirical results are compared
with predictions from a model based on cascaded systems
theory.19,25,26 The model is also used to examine the potential
DQE performance of 50 m pitch hypothetical imagers em-
ploying this novel design, as well as other signal-enhancing
designs pursued by our group. These initial studies are part
of a comprehensive program of research to develop mammo-
graphic AMFPI technologies that offer significantly im-
proved performance.
II. METHODS AND MATERIALS
A. Flat-panel imager
1. HOFFA array
The flat-panel imager examined in this study incorporates
an array with a format of 512512 pixels and a pitch of
75 m, giving an active area of 3.843.84 cm2. Design
specifications of this array, which will be referred to as
HOFFA high optical fill factor array,23 are summarized in
Table I. This array incorporates a continuous photodiode de-
sign as opposed to the discrete design presently employed in
all commercial indirect detection AMFPIs. This new design
involves the deposition of p-i-n a-Si:H photodiode layers
having a bottom n “patterned” layer and continuous i and p
upper layers, followed by a top indium tin oxide ITO layer,
FIG. 1. Signal collection fill factor plotted as a function of pixel-to-pixel
pitch for conventional arrays employing discrete photodiode designs. The
dashed line shows calculations based on array design rules used in contem-
porary, commercial arrays, while the open circles correspond to three indi-
rect detection flat-panel array designs developed with discrete photodiodes
Refs. 34, 57, and 58. The solid circle corresponds to a recent, prototype,
discrete photodiode design employing considerably more aggressive design
rules Ref. 21.as illustrated in Fig. 2. The n-doped bottom layer overlays a
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the i layer. Patterning of the n-layer creates charge collection
“islands,” thereby ensuring a high degree of electrical isola-
tion between adjacent pixels.27 In this design, the area of the
collection electrode is maximized by forming a “mushroom”
structure similar to that used in direct detection AMFPIs
Ref. 28 in order to help maximize charge collection. This
configuration results in a gap of 10 m between adjacent
pixels and a geometric fill factor, defined as the area of the
collection electrode relative to the pixel area, of 72%.
However, by virtue of the continuous upper layers of the
photodiode design, most of the charge created in the gap is
collected resulting in an effective optical fill factor that is
close to unity.29 It should be noted, however, that the ob-
served near-unity fill factor is a result of maximizing the
geometric fill factor i.e., the area of the collection elec-
trode. A previous study has shown that reduction in the geo-
metric fill factor through an increase in the gap between pix-
els results in a reduction of the optical fill factor.30
The use of continuous upper layers in the photodiode de-
sign could potentially promote charge sharing between adja-
cent pixels, and thus contribute to spatial resolution degrada-
tion. However, previous studies have shown that these effects
are generally small and only become non-negligible at high
incident illuminations corresponding to signal levels close to
pixel saturation.27 Specifically, if a pixel is illuminated to the
point of saturation, while keeping the adjacent pixel nonillu-
minated, charge sharing i.e., cross talk of 5% is observed
as a result of lateral conduction between the collection elec-
trodes of the pixels.27 For example, slight spatial resolution
degradation may be encountered during breast imaging in the
vicinity of the skin surface where exposure to the detector is
high. An additional problem posed by the continuous upper
photodiode layers is the additional capacitance formed be-
tween the top metal electrode ITO and the underlying ad-
dress lines. In particular, this increases the data line capaci-
tance, which in turn leads to higher additive electronic noise
due to larger noise contributions from the readout
preamplifiers.18 To reduce this problem, the present HOFFA
array incorporates a new type of passivation material to in-
sulate the photodiode from the underlying data lines.31 Com-
pared to the passivation material incorporated in many mod-
ern arrays, which consists of 1-m-thick silicon oxinitride,
SiON, with a dielectric constant of 5, this new passivation
material involves a 3-m-thick layer of a polymer-based
TABLE I. Design specifications of the flat-panel array HOFFA used in these
studies. The geometric photodiode area and fill factor correspond to the area
of the collection electrode.
Pixel format datagate 512512
Pixel pitch 75 m
Array dimension 3.843.84 cm2
Data line capacitance 15 pF
TFT dimensions LW 1015 m2
Geometric photodiode area 4036 m2
Geometric fill factor 72%resin BCB, Dow Chemical, with a dielectric constant of
Medical Physics, Vol. 34, No. 1, January 20072.6. Thus, BCB offers the possibility of constructing arrays
with continuous photodiode structures with minimal increase
in the data line capacitance. In the case of the present
HOFFA array, the introduction of BCB insulator results in a
data line capacitance per pixel of 30 fF,31 which corre-
sponds to a total capacitance of 15 pF.
For the conditions under which the array was operated for
the current studies, the pixel dark current was low,
3 fA—corresponding to 0.6 pA/mm2. This compares fa-
vorably with dark current values exhibited by commercial
indirect and direct detection AMFPI devices that are on the
order of 0.5–1 pA/mm2.5 However, the dark current was
also observed to decrease linearly with time, with the amount
of drift varying pixel by pixel and continuing for hours fol-
lowing the application of bias. The origin of the observed
drift is suspected to be at least partially due to the temporal
decay of dark current caused by the depletion of electrons
from the intrinsic a-Si:H layer of the photodiode.32 Such
effects should be reduced with improvement to the quality of
the photodiode material, as has been found for discrete pho-
todiode array designs. While temporally constant pixel-to-
pixel nonuniformities are normally removed by means of
image processing in the form of gain and offset corrections,33
temporally varying nonuniformities are more difficult to
properly account for, especially at low exposures where the
magnitude of x-ray signal can be on the order of the magni-
tude of dark signal drift. In the present study, a careful pixel-
by-pixel drift correction, based on mapping the dark signal
behavior with time, was successfully applied to the data prior
to application of a standard gain and offset correction, as
detailed in Sec. II B 1. Finally, measurements of charge trap-
ping using techniques described in Ref. 34 yielded a value
of 26%—higher than levels of 5%–15% obtained from
high quality discrete photodiode indirect detection arrays.5
2. X-ray converters
The HOFFA array was coupled to two different CsI:Tl
scintillators allowing two imaging configurations to be stud-
ied. The scintillators, whose physical properties are tailored
to mammographic imaging, were used to convert incident
FIG. 2. Schematic illustration showing a cross-sectional view of an array
employing a continuous photodiode structure.x rays into light photons. Each scintillator consisted of
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on a 3-mm-thick fiber optic plate FOS, Hamamatsu com-
prising 3–6-m-diam bundled fibers: one optimized for
high light output FOS-HL and the other for high resolution
FOS-HR.35 The CsI:Tl scintillators, with dimensions of 5
5 cm2, were positioned in close contact with the array us-
ing the fiber optic faceplate, which serves as a light guide.
Optical coupling between the array and the fiber optic plate
was maintained by the latter exerting its own weight on the
array without the use of an additional coupling medium.
Since both surfaces are rigid, any surface nonuniformities
could result in unintended air gaps. In this present case, how-
ever, it was determined that if any air gaps existed, they
would be less than 20 m.
3. Electronic acquisition system
The measurements were performed using an electronic
acquisition system specifically designed to allow detailed
studies of the performance of imaging arrays such as the
HOFFA array.36 The system incorporates full-custom, low
noise, 32-channel preamplifier-multiplexor chips.37 When
operated with the HOFFA array, the system has an additive
noise performance, add, in the range of 1200 e rms to
2200 e rms. This range of noise values corresponds to
frame times ranging from 0.37 to 2.27 s, corresponding
to the various mammographic radiation exposures used in
the present study. For all measurements, the gate line volt-
ages used to render the pixel TFTs conducting and noncon-
ducting were +10 and −8 V, respectively. The bias voltage
applied across the continuous photodiode was set to
−4 V.
B. Experimental methodology
All x-ray measurements were performed using a mammo-
graphic x-ray source Senographe DMR, GE Medical Sys-
tems at an energy of 26 kVp. A molybdenum Mo target
was used with an intrinsic beam filtration of 30 m Mo. The
x-ray beam was further hardened by a compression paddle
and a 5-cm-thick breast phantom38 tissue-equivalent BR12,
Nuclear Associates, which approximates 50% glandular tis-
sue and 50% adipose tissue. The surface of the imager was
positioned at a source-to-detector distance of 65 cm and the
phantom was placed 40 cm above the imager. The mAs
control of the unit was adjusted to provide the desired radia-
tion exposure to the imager resulting in exposure times rang-
ing from 0.05 to 2 s. The magnitude of the exposure to
the imager surface was determined using a calibrated ion
chamber Keithley 96035B and a dosimeter Keithley
35050A. Values of exposure ranged from 0.5 to 19 mR.
The imager was operated in radiographic mode with array
readout synchronized to the radiation beam by means of a
trigger pulse generated by the electronic acquisition
system.34 The width of the trigger pulse is adjusted so as to
ensure that the radiation is delivered before array readout,
resulting in an exposure level-dependent frame time.
Medical Physics, Vol. 34, No. 1, January 20071. Dark signal drift correction
The HOFFA array exhibited dark signal drift that resulted
in a time-dependent pixel-to-pixel nonuniformity. The mag-
nitude of the drift is such that the application of gain and
offset corrections to remove this nonuniformity is less effec-
tive as time elapses between the acquisition of the correction
constants and the actual image, especially for small x-ray
signals obtained at the lowest exposures. In this case, drift
artifacts appear in the image as a type of structure noise. In
order to correct for drift, all x-ray measurements were pre-
ceded by a series of dark signal measurements. Due to the
fact that the drift was observed to be linear within the span of
time required for the measurements several minutes, it was
possible to apply a linear fit to dark signal data in order to
detrend the effect of drift pixel-by-pixel from both dark and
x-ray measurements. Within the time span over which the
flood data were acquired, the amount of dark signal drift was
observed to vary by approximately 5–10 analog-to-digital
convertor ADC channels. Given that, at the lowest expo-
sures 0.5 mR, x-ray signal using the FOS-HR configura-
tion was only 13 ADC channels, the amount of dark signal
drift would have a deleterious effect on x-ray signal determi-
nation if no correction were applied. In addition, since the
amount of drift was not uniform from pixel to pixel, NPS
measurements could be seriously affected at low exposures
in the absence of drift correction. For example, after drift
correction, the NPS results are improved by approximately a
factor of 3 in the case of the FOS-HR configuration at
0.5 mR.
2. Modulation transfer function
Spatial resolution of the two imaging configurations was
characterized by determination of the MTF, which was ob-
tained from the Fourier transform of the line spread function
LSF. Measurements of the LSF were performed at a mam-
mographic energy of 26 kVp with a Mo/Mo target/filter
combination and no additional filtration. Additional filtration
was found to have negligible effect on the MTF. For each
imaging configuration, LSF data were obtained using the
angled-slit technique.39 The slit consists of a circular, 3-cm-
diameter Tantalum disk, 1.5 mm thick with a central opening
of 0.017 mm2 Slit Camera, Nuclear Associates. For
each measurement, five radiographic images of the slit were
obtained with the slit tilted at a small angle 2°  with
respect to either the gate line or the data line direction, cor-
responding to the measurement of resolution along the scan-
ning direction or the orthogonal direction, respectively. For
each image, gain and offset corrections were applied in order
to compensate for nonuniformities in pixel-to-pixel response.
For each measurement, the corrected images were averaged
resulting in a single image from which the LSF was deter-
mined.
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efficiency
One-dimensional noise power spectra, NPSu, were de-
termined for each of the imaging configurations of the pro-
totype imager. NPSu corresponds to a central slice through
the origin of the two-dimensional noise power spectrum
NPSu ,, along one primary axis NPSu=NPSu ,v=0.
This axis corresponds to the gate line direction. Earlier
analyses with active matrix flat-panel imagers have indicated
that one-dimensional NPS results, NPSu, obtained along
the gate line direction are consistent with those obtained
along the orthogonal data line direction, NPSv, except for
the presence of one or more peaks due to correlated noise
pickup from power supply and other electromagnetic
sources.
26,40 The methodology used to measure NPS follows
that described in previous publications.26,41 For each imaging
configuration and exposure, a total of 50 “flood-field” frames
were acquired with x-ray irradiation and 50 “dark-field”
frames were acquired in the absence of x-ray irradiation.
While the flood-field frames are used to determine the NPS
associated with the corresponding exposure level, dark-field
frames are used to determine dark NPS values which served
as an input to a theoretical model of the system NPS see
Sec. II C. Each frame was then cropped to a smaller, cen-
tral region consisting of 320320 pixels with minimum de-
fects. After application of a drift correction, followed by gain
and offset corrections with the offset correction only applied
in the case of the dark fields, a 33 median filter was
applied to each frame in order to correct for faulty and non-
functioning pixels, affecting less than 0.3% of the total num-
ber of pixels. After converting pixel signal values into elec-
trons by means of an independently measured calibration
factor for the preamplifiers 1 ADC550 e−, NPS were de-
termined using the synthesized slit technique.42–44 This tech-
nique involved the selection of independent, nonoverlapping
blocks of pixels, each with dimensions of Ln 32160
pixels, with the long dimension oriented along the gate line
direction. Each data block was then summed along the L
direction giving a 160 point realization. After subtraction of
low-frequency background trends and the application of a
Hanning window function, a Fourier transform was applied
to each of the realizations. The results were then
normalized26 to yield an ensemble of 1100 power spectra, the
average of which resulted in the measured NPS. For each
imaging configuration and exposure, the measured NPS was
6,45,46
FIG. 3. Block diagram representing the various stages constituting the imagin
the HOFFA array. The number printed on top of each stage represents the oused to determine DQE using the following equation:
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¯
2MTF2u
q¯0NPSu
, 1
where d¯ is the mean signal in units of electrons derived from
the NPS flood-field data, q¯0 is the incident x-ray fluence
x-ray photons per unit area, and MTF is the measured
modulation transfer function.
C. Cascaded systems model
A theoretical model, based on the cascaded systems
formalism,25,46 was developed to reproduce the empirical re-
sults of signal, NPS, and DQE of the two imaging configu-
rations of the HOFFA array as well as to predict the perfor-
mance of hypothetical imaging configurations. In this model,
the imaging system is divided into a series of stages where
each stage represents a physical process. The signal and
noise transfer properties of the imaging system are deter-
mined by the transfer properties of each stage.47 Figure 3
shows a simplified diagram illustrating the various stages
representing the imaging system used in this study while the
parameters describing the system are shown in Table II. A
detailed description of the various stages depicted in Fig. 3
can be found in Ref. 48 and is briefly summarized as follows.
Stage 0 represents the incident x rays characterized by an
incident fluence, q¯0 x rays/unit area, Stage 1 represents the
interaction of a fraction of the incident x rays with the scin-
tillator with a quantum efficiency, g¯1. Stage 2 represents the
generation and emission of optical photons by the interacting
x rays in the scintillator with a quantum gain, g¯2. The optical
photons undergo multiple scattering before exiting the scin-
tillator resulting in a blurring mechanism characterized by a
in in the cascaded systems analysis of the imaging configurations involving
in the imaging chain. See Table II and the main text for details.
TABLE II. Terms and symbols used in the cascaded systems model shown in
Fig. 3.
Imaging System Parameters and Miscellaneous Symbols
X Exposure mR
q¯0 Mean x-ray fluence x rays/mm2
g¯i Gain of stage i
gi Poisson excess associated with a gain stage i
I Swank factor
Ti MTF of stage i
Si Output noise NPS of stage i
Sadd Additive noise e2mm2
add Additive noise erms
III Sampling grid represented by a 2D comb function
u , Spatial frequency coordinates mm−1g cha
rder
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tor, photons may undergo further scattering between the exit
surface of the scintillator and the HOFFA array, resulting in a
blurring mechanism characterized by T4. Note that the rep-
resentation of this process by a single blurring stage is
equivalent to representation by parallel stages as in Ref. 48.
Stage 5 represents the coupling of the optical photons to the
photodiode with a gain, g¯5, and stage 6 represents the inte-
gration of these photons by a square photodiode aperture of a
side length, apd, characterized by an MTF T6. Stage 7 repre-
sents sampling of the signal from the two-dimensional array
of pixels with a pixel-to-pixel pitch of apix related to apd by
the relation
apd
2
= apix
2  fill factor. 2
Since the fill factor of the present HOFFA array is close to
unity, apd was assumed to be equal to apix in the calculations.
Finally, stage 8 represents a readout of the imaging signal by
the acquisition electronics characterized by an additive noise,
Sadd, where Sadd=add
2 apix
2
.
Using the cascaded systems formalism and the aforemen-
tioned stages of the imaging system, an expression for x-ray
sensitivity per pixel was derived based on the product of the
gains of the stages
 =  q¯0
X
apd2 g¯1g¯2g¯5 e/mR . 3
In this expression, X represents the exposure in units of mR
at the surface of the imager. The noise power spectra Su ,
can be expressed as follows:48
Su, = apd
4 q¯0g¯1g¯2g¯51 + g¯5g¯2 + g2T3
2u,T4
2u,
 T6
2u,**IIIu, + Saddu, e2 mm2 . 4
In this expression, the process of sampling is represented by
the convolution of the presampled NPS with the Fourier
transform of the sampling grid, IIIu ,. The sampling grid
may be written as
IIIu, = 	
k,l=−

	u − kus, − ls , 5
where us and s correspond to sampling frequencies, given
by the inverse of apix. In Eq. 4, Sadd, an empirical input to
the model, is the dark NPS, which corresponds to the addi-
tive noise. Sadd was measured in the manner previously de-
scribed in Sec. II B 3. For the calculation of DQE, the ex-
pression shown in Eq. 1 was used. In this expression, NPS
is simply the calculated NPS, Su ,, MTF is the product of
system MTF components T3, T4, and T6 and d¯ is the prod-
uct of sensitivity, , and exposure, X, resulting in the follow-
ing expression for DQE:
DQEu, = apd
4 q¯0g¯1g¯2g¯5T3u,T4u,T6u,2
Su,
. 6
In the determination of theoretical system performance in
terms of sensitivity, NPS and DQE, the various parameters
Medical Physics, Vol. 34, No. 1, January 2007were either deduced from empirical data, obtained from the
imager configurations, or obtained from published results. A
summary of values of parameters used in the calculations are
summarized in Table III. The detection efficiency of the con-
verter g¯1 was obtained from EGS4 Monte Carlo simula-
tions based on the geometry and physics reported in Ref.
48. In the simulations, a previously reported mammo-
graphic spectrum49 based on a 26 kVp peak energy and
Mo/Mo target filter combination was used. The spectrum
was hardened by a BR12 phantom and a compression
paddle, using the appropriate total mass attenuation data. In
the calculations, the thickness of the BR12 phantom was
slightly adjusted in comparison to the actual phantom so that
the calculated half-value layer matches that obtained from
measurements 0.63 mm. The phantom has an elemental
composition and associated weight fraction in percent, of
H9.6, C70.3, N1.9, O17.0, Cl0.2, and Ca0.9, and a
density of 0.98 g/cm3. The compression paddle was simu-
lated by 3 mm of Plexiglas with an elemental composition of
H8, C60, and O32, and a density of 1.19 g/cm3. In the
determination of x-ray fluence per unit exposure q¯0 /X, an
appropriate normalization was performed to account for the
polyenergetic nature of the spectrum.50
The scintillators were modeled using a cylindrical geom-
etry with a 20 cm radius, and a thickness of 150 m of
CsI:Tl for FOS-HR and FOS-HL, with the assumption of
100% packing density. Although the assumed packing den-
sity is larger than typical values of 75%, the combined values
of thickness and density used in the model reflect the actual
amount of CsI contained in the samples. The modeled ge-
ometry consisted of a pencil beam of photons incident at the
center of one end of the cylinder defining the scintillator and
perpendicular to the surface. For the Monte Carlo histories
generated in the simulations, x-ray interactions and the en-
ergy deposited in the scintillator were recorded by generating
the absorbed energy distribution AED. AED is defined as
the distribution of x-ray energy absorbed following each
x-ray interaction. The AED was calculated by tabulating the
TABLE III. Summary of system parameters employed in the model shown in
Fig. 3 and their associated values for a 26 kVp incident x-ray beam. The
modeled x-ray beam corresponds to a Mo/Mo target/filter combination
with an additional filtration of BR-12 breast phantom. The thickness of the
phantom 6.5 cm was chosen so that the modeled beam gives a half-value
layer matching the corresponding measurement 0.63 mm. In the calcula-
tions, the additive electronic noise, add, ranged from 1200 to 2200 e rms,
depending on the exposure, and the value of g¯5 was reduced by 26% in order
to account for the signal loss due to the trapping of charge in the photodiode.
System parameters
FOS-HL
configuration
FOS-HR
configuration
q¯0 /X x rays/mm2/mR 46 520 46 520
g¯1 0.83 0.83
g¯2 312 161
g2 5.26 2.22
I 0.98 0.98
g¯5 0.45 0.45energy deposition over all histories using an energy bin size
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of x rays that interact in the scintillator by the total number
of incident x rays. The quantum gain g¯2 is defined as the
mean number of optical quanta exiting the scintillator per
interacting x-ray:
g¯2 = 

E¯ ab
E¯ opt
, 7
where 
 is the screen conversion efficiency,51 defined as the
efficiency of the scintillator in converting x-ray absorbed en-
ergy into optical photons. In this definition, 
 includes both
the intrinsic screen conversion efficiency and the probability
of optical photons exiting the scintillator. E¯ opt is the mean
energy of optical photons emitted by the scintillator
2.2 eV, determined from the emission spectrum of the
scintillator,35 and E¯ ab is the mean energy absorbed per inter-
acting x ray, estimated from the calculated AED. The screen
conversion efficiency 
 was deduced from Eq. 7, with g¯2
obtained from Eq. 3 by fitting the sensitivity calculated
from that expression to the corresponding measurements for
each FOS scintillator. For FOS-HL, the deduced value of 

was 0.036 while for FOS-HR it was 0.019. These values of 

account for light attenuation in the 3-mm-thick fiber optic
plate which is coupled to the scintillators. The mean optical
transmission of such a plate has been estimated to be only
60%.35
The term g2 in Eq. 4 represents the Poisson excess in g¯2
and was obtained from the equation25
g2 = g¯21I − 1 − 1, 8
where I is the Swank factor, which quantifies the noise asso-
ciated with the x-ray to light conversion process and is
mainly determined by two factors, the absorbed energy dis-
tribution AED, and the optical pulse distribution OPD:
I = IAEDIOPD. 9
In this study, the Swank factor was assumed to be dominated
by the absorbed energy distribution in the scintillators, re-
sulting in a value of 0.98 for the 26 kVp x-ray spectrum
used.48
The average optical coupling efficiency g¯5 was deter-
mined from the integral of the product of the CsI:Tl scintil-
lator emission spectrum34 and the absorption spectrum of the
a-Si:H photodiodes,23 resulting in a value for g¯5 of 0.61 for
both FOS-HL and FOS-HR screens. Since mammographic
measurements are obtained radiographically, resulting in a
signal loss due to charge trapping in the a-Si:H photodiodes,
it was necessary to account for this loss in the model through
a correction to g¯5. For the exposure conditions of the present
study, and for the corresponding signal levels obtained with
both FOS-HL and FOS-HR scintillators, charge trapping was
empirically determined through independent measurements
and found to be 26%. The application of such a correction
¯to g5 resulted in a final value of 0.45.
Medical Physics, Vol. 34, No. 1, January 2007The MTF of the entire system can be represented by the
product of MTFs in the present model:
Tsysu, = T3u,T4u,T6u, , 10
where, for each scintillator, T3 was obtained from published
data,35 and T6 is a sinc function corresponding to the aperture
of each square photodiode the aperture is assumed to be
equal to apix due to the near-unity fill factor of the HOFFA
array. T4 was deduced for each scintillator using Eq. 10
and the empirically determined system MTF.
III. RESULTS
A. X-ray sensitivity
X-ray response of the HOFFA array employing both
FOS-HL and FOS-HR scintillators is shown in Fig. 4. The
response is seen to be linear within the range of exposures
used 0.5 to 19 mR, corresponding to up to 4% of the
pixel charge capacity. The FOS-HL scintillator is seen to
provide about a factor of 2 more signal compared to the
FOS-HR scintillator, consistent with the expectation that the
latter has been optimized for high spatial resolution at the
expense of light output. Linear fits to the data of Fig. 4 result
in slope values corresponding to sensitivities of
30 900 e /mR and 16 200 e /mR for FOS-HL and
FOS-HR scintillator, respectively.
B. Modulation transfer function „MTF…
Figures 5a and 5b show MTFs corresponding to reso-
lution along the gate line direction for the imager configura-
tions employing the FOS-HL and FOS-HR scintillators, re-
spectively. For each configuration, measured presampling
system MTF is shown along with the scintillator MTF T3
35
as well as the sinc function corresponding to a 75 m pho-
todiode aperture T6. As expected, FOS-HR configuration
exhibits higher measured system MTF values compared to
the FOS-HL configuration by virtue of the higher resolution
FIG. 4. Measured pixel signal as a function of exposure for imager configu-
rations employing FOS-HL and FOS-HR scintillators.performance of the scintillator. The MTF values at the Ny-
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FOS-HL and FOS-HR configurations, respectively. For both
configurations, the product of the sinc function and the scin-
tillator MTF results in a MTF that is slightly higher than the
measured system MTF. The difference has been attributed to
an additional MTF component referred to T4 in the cascaded
model due to nonideal optical coupling between the con-
verter and the HOFFA array. In fact, additional blurring due
to possible charge sharing between adjacent pixels of the
array could also contribute to the observed difference. How-
ever, since this effect is short ranged and occurs from pixel to
pixel through lateral conduction, it is most likely to affect the
MTFs only at high spatial frequencies. Given that the mea-
sured system MTFs are systematically lower than the prod-
uct of the sinc function and the scintillator MTFs over most
of the frequency range, the difference is most likely to be
dominated by the coupling effects T4 rather than blurring
due to charge sharing. Finally, for each scintillator configu-
ration, measurements of spatial resolution in the orthogonal
direction corresponding to the direction of the data lines re-
FIG. 5. Modulation transfer functions MTFs associated with a the
FOS-HL imager configuration and b the FOS-HR imager configuration.
For each configuration, the measured system MTF Tsys, the MTF of the
scintillator T3 and the sinc function corresponding to the 75 m photodi-
ode aperture T6, as well as the product of T3 and T6, are shown.sulted in identical MTF values.
Medical Physics, Vol. 34, No. 1, January 2007In order to verify the near-unity fill factor of the HOFFA
array, MTF slit images, that were used to determine MTFs of
the imager configurations employing FOS-HL and FOS-HR
scintillators, were further analyzed in a manner similar to
that previously reported.8,52 The result, plotted in Fig. 6 in
terms of summed, normalized pixel signal versus position
relative to the center of the 10-m-wide gap between elec-
trodes of neighboring pixels, shows no apparent reduction of
signal due to signal loss in this gap. This result is in line with
an earlier finding that the HOFFA array exhibits a near-unity
fill factor and supports the assumption of unity fill factor in
the cascaded systems model.
C. Noise power spectra „NPS…
Figures 7a and 7b show NPS results corresponding to
the HOFFA imager configurations employing the FOS-HL
and FOS-HR scintillators, respectively. For each configura-
tion, NPS is shown for six x-ray exposure levels, namely,
0.5, 1.0, 2.9, 8.5, 13.2, and 19 mR more pre-
cisely, 18.7 mR for FOS-HL and 19.4 mR for FOS-HR. Ex-
cept for the lowest exposures where the contribution of ad-
ditive noise is relatively important, the NPS exhibit an
approximately linear increase with increasing exposure, as
expected. For the FOS-HL configuration, the absolute mag-
nitude of the NPS is shown to be larger than that of the
FOS-HR configuration due to the correspondingly higher
sensitivity. However, for the FOS-HL configuration, the NPS
is found to decrease significantly with increasing spatial fre-
FIG. 6. Data illustrating the relative optical efficiency across the pixel sur-
face of an array. The data were obtained from images of a 10 m-wide slit
positioned at a small angle with respect to the data line direction for pur-
poses of MTF measurements. Each point represents signal summed across a
single row of pixels along a gate line—where data from many frames were
averaged in order to minimize statistical fluctuations. The signal results have
been normalized so that the average of the presented points is unity. The
points are plotted as a function of the position of where the gate line crosses
the slit, relative to the center of the gap between electrodes of neighboring
pixels. The long dashed lines indicate the location of the centers of adjacent,
neighboring pixels while the short dashed lines correspond to the location of
the edges of electrodes for those pixels, defining the region of the gap.quency as compared to the FOS-HR configuration, in accor-
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that FOS-HL configuration is less influenced by the white
noise behavior of the additive dark NPS. The regularly
spaced peaks in the NPS observed at low exposures are due
to anomalous noise observed in the flood-field images—an
effect that is also present in the dark-field images. For both
the FOS-HL and FOS-HR configurations, the cascaded sys-
tem calculations are in reasonable agreement with the mea-
sured NPS. There is, however, a discrepancy at high spatial
frequencies at the higher exposures 8.5, 13.2, and 19 mR
where the calculations underestimate the measurements.
Similar observations can be made for the FOS-HR configu-
ration Fig. 7b, but with a less pronounced effect.
D. Detective quantum efficiency „DQE…
Figures 8a and 8b show DQE values corresponding to
the HOFFA imager configurations employing the FOS-HL
and FOS-HR scintillators, respectively. The empirical re-
sults, determined from measurements of mean detector sig-
nal, MTF and NPS, and incorporating an x-ray fluence of
2
FIG. 7. Noise power spectra NPS associated with a the FOS-HL imager
configuration and b the FOS-HR imager configuration. Measured sym-
bols and calculated lines NPS are presented for a variety of exposure
levels. For the calculations, contributions of the empirically determined,
electronic additive noise, which ranged from 1200 e rms to 2200 e
rms, were included.46 520 x rays/mm /mR, are shown for six x-ray exposure
Medical Physics, Vol. 34, No. 1, January 2007levels. For each configuration and exposure level, theoretical
calculations based on Eq. 6 are shown and compared to the
empirical results.
For the FOS-HL configuration Fig. 8a, DQE results
increase with increasing exposure at the lowest exposures
0.5, 1, and 2.9 mR due to the diminishing contribution of
additive noise relative to the total imaging signal. At the
highest exposures 8.5, 13.2, and 18.7 mR, the increase in
DQE is small and the results start to converge to values that
are independent of exposure—indicative of input-quantum-
limited operation. Comparison of these empirical results to
FIG. 8. Detective quantum efficiency DQE results associated with a the
FOS-HL imager configuration and b the FOS-HR imager configuration.
Measured symbols and calculated solid lines DQE values, corresponding
to the NPS results shown in Fig. 7, are presented for a variety of exposure
levels. The dashed lines correspond to DQE values calculated at 0.5 mR for
a hypothetical, discrete photodiode array based on a 75 m pitch array and
an optical fill factor of 72%. The assumed value for the optical fill factor
Ref. 22 is based on extrapolation of the aggressive design rules used to
make a 127 m pitch prototype array reported in Ref. 21. Other parameters
used in the calculations are the same as those for the HOFFA configurations,
with the exception of T6, which is based on a smaller photodiode aperture
due to the lower fill factor.those obtained from calculations demonstrates reasonably
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18.7 mR, the calculations overestimate the measurements at
high spatial frequencies.
For the FOS-HR configuration Fig. 8b, DQE results
are also seen to increase with increasing exposure due to the
diminishing contribution of the additive noise compared to
the total imaging signal. In this case, however, the effect is
more pronounced due to the lower sensistivity of the
FOS-HR scintillator compared to the FOS-HL. For example,
at the lowest exposure of 0.5 mR, for which the electronic
noise is 1200 e rms, the FOS-HL configuration exhibits
about a factor of 2 higher DQE at low frequencies compared
to the FOS-HR configuration, and a better performance at all
frequencies, despite an inferior spatial resolution perfor-
mance. The advantage of higher spatial resolution offered by
the FOS-HR configuration will be reflected in the DQE per-
formance only if the additive noise is reduced or the pixel
signal is somehow enhanced, as discussed in the next sec-
tion. Finally, comparison of the measured DQE results ob-
tained with the FOS-HR to those obtained from the calcula-
tions generally demonstrates good agreement.
For purposes of comparison with the results of the
HOFFA array, the DQE performance of a hypothetical dis-
crete photodiode array with a 75 m pitch and an optical fill
factor of 72% employing FOS-HL and FOS-HR-type scintil-
lators is shown in Figs. 8a and 8b dashed lines, respec-
tively. These calculations, performed at an exposure of
0.5 mR and under assumptions in line with the operation and
performance of the HOFFA array, demonstrate the improve-
ment in DQE that can accrue from the incorporation of a
continuous photodiode structure.
IV. DISCUSSION AND SUMMARY
The availability of active matrix flat-panel imagers is as-
sisting in the widespread adoption of digital mammography.
These imagers provide a variety of advantages common to
digital systems, as well as offer the possibility of performing
advanced imaging techniques such as tomosynthesis and
computed tomography.13–15 Compared to projection imaging,
which is the basis of conventional mammography, such tech-
niques offer advantages that derive from the volumetric in-
formation that they provide. Since these techniques require
the acquisition of a large number of images per exam, it is
highly desirable that the radiation dose per image be kept
relatively small so that the total dose does not exceed that
employed in conventional mammography. However, signifi-
cant reduction in the dose per image, which reduces pixel
signal size, is problematic for active matrix flat-panel imag-
ers due to the modest gain of these systems compared to a
relatively high level of additive noise on the order of several
thousand electrons. As a result, significant reductions in the
DQE of both indirect and direct detection active matrix flat-
panel mammographic imagers have been reported at low
exposures.6,48,53 Furthermore, the realization of array designs
with very high resolution for example, 50 m pitch faces
parallel challenges due to the decreasing signal due to
smaller pixels and increasing additive noise due to in-
Medical Physics, Vol. 34, No. 1, January 2007creased data line capacitance arising from more pixel TFTs
along each data line that are to be anticipated. Therefore,
enhancement of the pixel signal relative to additive noise in
mammographic flat-panel imager design is highly desirable.
In this paper, the effect of pixel signal enhancement on
mammographic imager performance, achieved through
maximization of fill factor via replacement of the conven-
tional, discrete, photodiode design with a continuous photo-
diode structure, has been reported. Studies were performed
upon a prototype active matrix flat-panel array HOFFA
with a 75 m pixel pitch incorporating such a structure. The
array was coupled to two commercially available, structured
CsI:Tl scintillators of 150 m thickness: one optimized
for high light output FOS-HL and the other for high spatial
resolution FOS-HR. Pixel signal response results, obtained
under mammographic irradiation conditions, indicate that the
continuous photodiode design provides a near-unity fill fac-
tor. In addition, MTF results from both scintillators demon-
strate that the array exhibits good spatial resolution—
indicating effective signal isolation between adjacent pixels.
At the highest exposures, the DQE is mainly limited by scin-
tillator performance i.e., by x-ray absorption, sensitivity,
Swank factor, and MTF—representing a desirable outcome.
However, at lower exposures, the DQE performance with
both scintillators degrades due to the relatively large contri-
bution of additive noise. Under these conditions, the effect of
additive noise on DQE was observed to be significantly
greater for the FOS-HR scintillator compared to the FOS-HL
scintillator, due to the lower sensitivity of the former. It
should be noted that the effect of additive noise on DQE
would have been reduced had the CsI scintillator been di-
rectly deposited on the HOFFA array, thus avoiding a 40%
light loss through the fiber optic substrate. The generally
good performance exhibited by the imager demonstrates that
a continuous photodiode design can provide a near-unity fill
factor that increases the DQE significantly above what would
otherwise be possible for an indirect detection flat-panel im-
ager of comparable pitch incorporating discrete photodiodes.
In order to progress from the promise exhibited by the
present HOFFA array to clinically practical devices, a variety
of improvements are required. For example, elimination of
the dark signal drift and reduction of the level of charge
trapping exhibited by the HOFFA array down to levels com-
monly achieved in modern indirect detection arrays with dis-
crete photodiodes 5% 34 are necessary and should be
achievable. Failure to address these temporal effects will
hinder the realization of clinically practical imagers capable
of volumetric imaging such as tomosynthesis and CT, where
fast image acquisition with minimal temporal artifacts is re-
quired.
In addition, arrays incorporating continuous photodiode
structures could potentially exhibit increased additive noise
due to increased data line capacitance that would increase
preamplifier noise see Eq. 11 below. For example, the
extension of the 75 m pitch, 3.83.8 cm2 HOFFA design
to a full-field array design would result in a data line capaci-
tance of 96 pF for 24-cm-long lines—about 50% higher
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with discrete photodiodes.22 In addition, extrapolation of
such a design to a pixel pitch of 50 m would further in-
crease the data line capacitance due to the increased number
of pixel TFTs by an estimated 40%. Encouragingly, beyond
the incorporation of the relatively thick, high dielectric con-
stant material BCB used to reduce data line capacitance in
the present HOFFA array, early studies have demonstrated
the possibility of achieving further substantial reduction of
up to a factor of 5 through additional increases in the BCB
thickness, as well as by adopting a lower-capacitance design
for the pixel TFTs.31 Given these considerations, we conser-
vatively estimate that it should be possible to achieve full
field, 50 m pitch continuous photodiode arrays that exhibit
data line capacitance on the order of 100 pF. The minimi-
zation of preamplifier noise for such systems will require
careful preamplifier circuit design. For the type of preampli-
fiers commonly used for active matrix flat-panel array read-
out including that of the present study, noise performance
may be quantified as follows:54
PREAMP = 0 + 	Cinput, 11
where Cinput is the input capacitance to the preamplifier cir-
cuit equal to the data line capacitance, and 0 and 	 are the
base noise and noise slope of the preamplifier circuit,
respectively—parameters which are determined by the de-
sign of the circuit. For example, the preamplifier design used
in the present study would provide a preamplifier noise level
of 1500 e rms for a Cinput value of 100 pF. However, a
newer design having a superior base noise and noise slope,
but whose packaging precluded its use for the present study
would provide a noise level of 730 e rms.54 This level of
noise assumes operational conditions representative of those
required for readout of a full field, 50 m pitch array at a
bandwidth allowing array readout of four frames per
second—compatible with the needs of tomosynthesis image
capture. It should be noted that additional reduction in pre-
amplifier noise could be achieved by designing the data lines
to run along the 30 cm dimension of a full-field imager and
dividing these lines at the center, further lowering the data
line capacitance, but requiring preamplifiers and readout at
both ends of the array.
Given the aforementioned possibilities and consider-
ations, it is instructive to examine the performance of a hy-
pothetical, full field, 50 m pitch imager incorporating a
continuous photodiode structure. An exposure of 0.5 mR was
assumed in the calculations, corresponding to the lower end
of the exposure range used for individual projection images
performed during a tomosynthesis scan. The calculations are
based on the cascaded systems formalism, and the param-
eters used generally correspond to those employed for the
calculations shown in Fig. 8. In addition, the MTF, T6, is
based on a photodiode aperture of 50 m. Furthermore, an
additive noise level of 1500 e rms is used—based on cal-
culations using the formalism reported in Ref. 18, and as-
suming the minimization of data line capacitance and pre-
amplifier noise discussed above as well as a bandwidth
allowing a frame rate of 4 fps.
Medical Physics, Vol. 34, No. 1, January 2007Figure 9 shows the resulting DQE values for configura-
tions employing FOS-HL and FOS-HR-type scintillators.
The combination of small pixels and low exposure leads to
modest values of DQE, with the higher sensitivity of the
FOS-HL configuration demonstrating better DQE than for
the FOS-HR configuration—consistent with the results of
Fig. 8. This situation is parallel to that for active matrix
flat-panel fluoroscopic imager performance at low exposures,
where the relatively modest size of the system gain, relative
to the additive noise, strongly constrains the DQE, but can be
addressed through enhancements to the gain.19 It is therefore
of interest to examine how significant enhancement of sys-
tem gain, for example, through the introduction of pixel
preamplifiers such as those under development for fluoro-
scopic imagers,55,56 would affect mammographic perfor-
mance in the context of the present discussion. Figure 9
therefore includes two further sets of calculations corre-
sponding to additional gain enhancement of a factor of 10
and 25 corresponding to capabilities that are being devel-
oped for fluoroscopy55. Such enhancement in gain is ob-
served to dramatically increase DQE, with 25 enhance-
ment having an incremental, though non-negligible effect
compared to 10 enhancement. These calculations suggest
the possibility of achieving high levels of DQE performance
from very high resolution active matrix flat-panel mammo-
graphic imagers, even at relatively low exposures. The real-
ization of such performance, facilitated by continuous pho-
todiode structures and additional gain-enhancement
innovations, could greatly benefit advanced mammographic
FIG. 9. Calculated DQE results for hypothetical indirect detection imagers
based on 50 m pitch, unity fill factor array designs. Calculations are shown
for two imager configurations corresponding to the use of FOS-HL and
FOS-HR-type scintillators and were performed at an exposure of 0.5 mR.
The calculations labeled “no Gain” correspond to the use of the same pa-
rameters and values used in the modeling of the prototype HOFFA imager,
with additional assumptions related to the choice of a 50 m pitch and an
additive noise of 1500 e rms. For the calculations labeled “10 Gain” and
“25 Gain,” an additional gain stage was introduced following the stage
that represents the integration of photons in the photodiode T6. For the
purposes of the present calculations, this new stage was assumed to be
noiseless. See main text for further details.imaging techniques such as CT and tomosynthesis.
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